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IAbstract
Implantable LC-based passive sensors can enable wireless measurement of physiological
parameters in inaccessible locations of the human body through an RF inductive link. A typical
LC sensor consists of an inductive coil connected to a capacitive pressure sensing element to form
an LC resonator, whose resonance frequency changes in response to variation of the quantity
being measured. In biomedical applications, they are intended to provide continuous
measurement of the desired parameter in patients with chronic diseases without the need for an
implanted battery. Considering their cost-efficient manufacturing and fully passive operation,
they are considered promising alternatives to the existing catheter-based transducers and can be
potentially used in a variety of applications, including intraocular pressure (IOP) monitoring,
intracranial pressure (ICP) monitoring and cardiovascular pressure sensing.
Over the past few decades, there has been increasing number of research in the development of
fully passive pressure sensors for biomedical applications. Although the previous studies
advanced the possibility of wireless pressure readout across the tissue, further development is
required to translate the concept to clinically approved devices.  In this research work, a complete
system for biotelemetric wireless ICP monitoring was designed, developed and evaluated through
in vitro and in vivo studies. The proposed system includes an ICP implant, which is wirelessly
interrogated by a hand-held external reader. The external reader communicates with the implant
through separated wireless channels for concurrent excitation of the implant and collection of the
received signal from the sensor. The simultaneous transmit and receive operation is realized
through a novel dual-port planar antenna. The reader device is connected to a host PC through a
Bluetooth link. The proposed system provides real-time monitoring of the ICP through a
dedicated interactive PC software.
The in vivo performance of the implant was evaluated in a canine model. The findings of the in
vivo study are consistent with the theoretical analysis of the proposed telemetry scheme as well
as the data obtained from the in vitro experiments. The capability of the wireless pressure readout
and detection of in vivo ICP variation has been proved through the animal study and the in vivo
data was verified using a commercial ICP monitor. The promising outcome of the in-body
assessment of the system indicates that the proposed platform can be further developed and
potentially  used in real-life  clinical  trials  for  early detection of  increasing ICP in patients  with
traumatic brain injuries and chronic intracranial hypertension. In addition, the same platform with
further modification and customization can be used for other biomedical applications.
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11 Introduction
There are medical scenarios in which continuous in-body measurement of physiological
parameters is essential. In those cases, depending on the medical need, a catheter-based transducer
may be introduced into the body to measure the target parameter. In general, catheterization is an
established method for insertion of miniature biomedical transducers inside the human body.
However, the catheter-based measurements are intermitted and may require connection to an
external device. Moreover, they are associated with the risk of infection, trauma and hemorrhage.
To mitigate the complications of the catheter-based in-body measurements, implantable sensing
devices were developed to provide long-term continuous monitoring of physiological parameters
in challenging locations of the human body.
 Wireless biomedical implants for sensing applications
Traditionally, wireless implantable medical devices (IMDs) have been powered using implanted
batteries, and therefore, various types have been designed and developed for implantable devices
[1]–[9]. However, the key challenge with the battery-powered implants is the increased size of
the device due to the battery. Moreover, the lifetime of the implant depends on the lifetime of the
battery. In addition to aforementioned complications, the implanted batteries may also raise issues
concerning patient safety and biocompatibility [10]. To overcome the limitations of the battery-
powered implants, wirelessly powered implants were developed to power an implant across tissue
and eliminate the need for an implanted battery. There are various strategies for wireless power
transmission (WPT) to an implanted device including ultrasonic [11]–[14], near-field [15]–[21],
mid-field [22] and far-field [23],[24] coupled WPT. Among the aforementioned methods of WPT,
the near-field inductive resonant coupling is the most common and established method used in
FDA approved devices [25], [26].
Over the last few decades, there has been a growing interest in the utilization of LC-based passive
implantable sensors to measure physiological parameters in inaccessible locations of the human
body [27]–[44]. They benefit from fully passive operation and are built to operate in vivo without
the need for implanted battery and active components [45]. A typical LC-based passive sensor
consists of an inductive coil and a variable capacitive sensing element. The inductance of the coil
and capacitance of the sensing element creates an LC tank, whose resonance frequency changes
in response to the variations of the quantity being measured (e.g. pressure, temperature, flow,
strain etc.).
Considering their fully passive operation, as well as minimally invasive implantation of this kind
of the sensors, they are considered a promising alternative to the existing catheter-based
2transducers and battery-powered sensors. This type of sensors can be used in a variety of
applications including intraocular pressure (IOP) monitoring for Glaucoma, intracranial pressure
monitoring (ICP) in patients suffering from traumatic brain injury (TBI), cardio vascular pressure
sensing and evaluation of progressive spinal perfusion [31], [39]. Previous studies reported
several LC-based sensors for specific applications. In [38], Chitnis et al. reported a passive IOP
sensor for monitoring the pressure inside the eye. The proposed sensor was evaluated in vivo
through animal tests in rabbits. The animal study showed that the proposed sensor remains
functional in vivo for a month. In another study [37], Chen et al. reported a mm-size passive ICP
implant for continuous subdural ICP monitoring. The proposed sensor was implanted in the
subdural region, and pressure variation was detected through an external reader antenna. The
sensor was evaluated through an in vivo experiment using a rodent model. In [39], a fully passive
LC sensor was developed by Ferrara et al. to conduct a biomechanical study for the evaluation of
progressive spinal fusion.
In addition to the LC-based sensors developed in the aforementioned studies, CardioMEMS
(acquired by St. Jude Medical)  introduced the  EndoSensor/CardioMEMS HF System, the first
FDA-approved heart failure (HF) system for detection of HF within the pulmonary artery [46].
 Fully passive implant for ICP measurement
Increased ICP is a neurological disorder, which is commonly caused by cerebral edema,
cerebrospinal fluid (CSF) disorders, head injury and localized intracranial mass lesion [47].
Management of raised ICP is an urgent issue in patients with traumatic brain injuries (TBI) [48].
Unmanaged intracranial hypertension might increase the risk of severe brain damage, disability
or death. In clinical practice, there are direct invasive and indirect noninvasive methods for the
management of ICP. Intraventricular catheters are commonly used in clinical ICP measurement.
However, catheter insertion introduces the risk of hemorrhage and infection [49], [50]. On the
other hand, indirect noninvasive methods, such as magnetic resonance imaging (MRI), analysis
of electroencephalograph (EEG) power spectrum, audiological and ophthalmological techniques,
are less accurate compared to the invasive method [51], [52]. Recently, a noninvasive ICP
monitoring device was introduced by Headsens Ltd. The ICP device uses acoustic waves to
measure ICP. A low frequency acoustic signal is transmitted in one ear and received in another
ear. The received signal is processed and analyzed to calculate the intracranial pressure.
According to the company, analysis of the data obtained from the initial clinical trials is still in
process [53].
3Fig. 1. Graphical illustration of the proposed ICP measurement system.
In order to mitigate the complications of the existing invasive ICP measurement methods, battery-
powered implantable sensors were proposed. Kawoos et al. [54] proposed a battery-supplied
implantable wireless sensor. The sensor detects ICP variations with a MEMS pressure sensor, and
the measurement data is transmitted to an external unit via 2.4 GHz RF link. In another work [55],
Meng et al. reported a battery-assisted implant, which detects the ICP variation through the
change in oscillation frequency of an RC oscillator, which modulates a 2.4 GHz RF oscillator
coupled to a planar inverted-F antenna. However, the proposed ICP sensors require an implanted
power supply and, thereby, suffer from the complications mentioned in Section 1.1.
In this research, a comprehensive study on the design, development, in vitro and in vivo evaluation
of a complete wireless system for continuous ICP monitoring is presented. The proposed system
includes a fully passive ICP implant, an external reader device and a standalone PC application
for continuous ICP monitoring to manage the physiological complications in patients with
intracranial hypertension (IH). A graphical illustration of the proposed ICP system is shown in
Fig.1.
4 Scope of the thesis
This thesis is structured into 6 chapters, as illustrated in Fig.2. Following the introduction, in
Chapter 2, a comprehensive analysis of the inductive telemetry systems and principle of
measurement with LC-based passive sensors is presented. In Chapter 3, the design and
development of the external reader device is discussed. In addition, the design concepts for the
development of a hand-held reader device is presented. In Chapters 4 and 5, in vitro and in vivo
evaluation of the ICP implant are presented, respectively. The thesis concludes with the outcomes
and achievements of this study in Chapter 6. Moreover, this chapter discusses future directions
for the development of a clinically approved ICP implant.
Fig. 2. Structure of the thesis.
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62 Principle of inductively coupled LC-based passive
sensors
 Inductive telemetry using single turn external reader loop
The telemetry system paradigm for inductively coupled sensors includes an LC tank circuit, which
is inductively coupled to an external reader loop. The electrical model of the system is depicted
in Fig. 3. The sensor contains an inductive coil connected to a miniature capacitive (MEMS)
pressure-sensing element.
Fig. 3. Electrical model of the wireless telemetry system.
The inductance of the coil and the capacitance of MEMS pressure sensor create an LC oscillator
with a known resonance frequency, which is given by
																																																																													 ௦݂ = 1
2ߨඥܮ௦ܥ௦
																																																															(1)	
where ܮ௦ , ܥ௦ and ௦݂ are the inductance of the spiral coil, capacitance of the MEMS pressure
sensor and resonance frequency of the LC tank circuit, respectively [I]. The resonance frequency
of the LC circuit changes as a function of applied pressure. It should be noted that ܥ௦ is not the
only capacitive contributor to the resonance frequency, as parasitic capacitance created by coating
material and surrounding tissue affects the net capacitance. The impact of parasitic capacitance
on the quality factor and resonance frequency is presented in Chapters 2 and 4. The wireless
measurement is established through an inductive link. When the external reader loop is excited
with an alternating current (AC), an electromagnetic (EM) field is created around the loop. If the
LC sensor is in the near-field zone of the reader loop, the EM field around the reader loop induces
a current in the sensor’s coil proportional to the magnitude of the magnetic field. The current flow
in the sensor side loop creates a secondary EM field around the sensor’s coil, which impacts the
7current flow in the external reader loop [I]. The resonance frequency of the sensor can be detected
by measuring the input impedance of the reader antenna. Applying the mesh equations for each
loop shown in Fig. 3, the input impedance is given by [56],[I]
	
																																															ܼ௜௡ 	= 	ܴ௥ + ݆߱ܮ௥ + 1݆߱ܥ௥ −	 (݆߱ܯ)ଶ݆߱ܮ௦ + 1݆߱ܥ௦ + ܴ௦ 																															(2)	
At resonance, where ܮ௥ܥ௥ = 1/4ߨଶ ௥݂ଶ and	ܮ௦ܥ௦ = 1/4ߨଶ ௦݂ଶ   and substituting ܯ = ܭඥܮ௥ܮ௦ , the
input impedance can be expressed by [56], [I]
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where ݂ is the excitation frequency, ௥݂  is the resonance frequency of the reader, and K is the
coupling coefficient of the inductive link. In view of Eqs. (2) and (3), the input impedance (ܼ௜௡)
varies as a function of change in the applied pressure, and the coupling strength	depends on ܭ,
which is affected by several factors, including the distance between the coils, dielectric material,
mutual alignment, geometric properties and ohmic losses of the coils [57]. When the frequency
of excitation is equal to the resonance frequency of the sensor (݂ = ௦݂), the input impedance and
the impedance phase of the reader loop can be expressed by [I]
																																													ܼ௜௡ = 	 ܴ௥ + ߱ܮ௥ ܭଶܴ௦ ඨܮ௦ܥ௦ + ݆߱ܮ௥ ൤1 − ൬ ௥݂݂൰൨																																										(4)
																																								∠	ܼ௜௡ = tanିଵ ൤ܺ௜௡ܴ௜௡൨ 	= 	 tanିଵ
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where ܴ௜௡ and ܺ௜௡ are the resistive and reactive components of the input impedance, respectively.
According to Eq. (5), any change in the capacitance of the MEMS sensor impacts the impedance
phase, and thus, pressure variation can be detected by measuring the phase of the input impedance
of the reader antenna.
As mentioned previously, the intracranial pressure is measured by detecting the resonance
frequency of the sensor. In addition to the resonance frequency, the phase difference between the
transmit and receive signals provides information on the pressure variation. The inductively
8coupled sensor with reader antenna can be considered as a complex load at the end of a
transmission line with characteristics impedance of	ܼ௢. With this assumption, the reflection
coefficient is defined as [I]
																																																		Γ = ܼ௜௡ − ܼ௢
ܼ௜௡ + ܼ௢
= ܴ௜௡ + ݆	ܺ௜௡ 	− ܼ௢
ܴ௜௡ + ݆	ܺ௜௡ 		+ ܼ௢
																																																							(6)
The reflection coefficient can be split into its real and imaginary parts and expressed by [I]
																																Γ = ܴ௜௡ଶ − ܼ௢ଶ + ܺ௜௡ଶ
ܴ௜௡
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Substitution of ܴ௜௡ and ܺ௜௡ from (4) in (7) yields [I]
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In the telemetry model with single turn loop reader, the resonance frequency of the sensor,
impedance-phase dip frequency and reflection phase of the load are measured as the responsive
parameters to the pressure variations.
Inductive telemetry using a dual-port planar RF probe
Wireless interrogation of an LC implant using a single turn loop benefits from simplicity in design
and analysis of the coupled system (as discussed in Section 2.1). However, isolation of the weak
signal from a deep miniature implant is challenging, especially at high frequencies [58]. To
overcome the limitations of the measurement using the single turn loop, Talman et al. [59]
reported a dual loop orthogonal-coil RF probe to detect the resonance frequency of the LC-based
implantable sensors. The proposed RF probe contains two separate orthogonally oriented loops
for excitation of the sensor and collection of the received signal from the implant. The proposed
geometry provides natural electromagnetic isolation between the transmit and receive loops (T/R
isolation). The level of T/R isolation determines the sensitivity of the probe in the detection of the
sensors. The RF probe proposed by Talman et al., could provide up to 90 dB T/R isolation within
the frequency range of 1-100 MHz, which is adequate for detection of miniature implants.
However, the RF probe, with an overall size of 250 x 250 x 65	mmଷ, is not suitable for portable
and wearable applications. An alternative to the 3D orthogonal-coil RF probe is the planar form
9Fig.  4. Dual-port planar antenna. (a) Transmit loop. (b). Receive loop. (c) Graphical illustration of the
magnetic fields around the transmit loop [II], © 2017 IEEE.
of  the  device.  To  this  end,  a  dual-port  planar  antenna  was  designed  as  a  compact,  small  form
factor and portable version of the 3D RF probe. The geometry of the proposed planar antenna is
shown in Fig. 4. It consists of separate transmit and receive channels for wireless interrogation of
the LC-based sensor.  The transmitter  unit  is  a  center-tap loop and the receiver  is  a  single-turn
loop. The transmit and receive loops are placed on the top and bottom layer of an FR4 substrate,
respectively. The proposed antenna geometry provides electromagnetic isolation between the
transmit and receive channels [II]. The principle of operation is explained in the following.
Fig. 5. Simulated current density in the planar antenna. (a) Unloaded antenna. (b) The sensor is coupled
with ܵܮଵ at: (b) frequencies far and below the resonance, (c) frequencies near and below the resonance,
(d) the resonance frequency, (e) frequencies	near and above the resonance, (f) frequencies far and
above the resonance [II], © 2017 IEEE.
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Fig.  6. Simulated current flow in the planar antenna and sensor’s coil at frequencies (a) above the
resonance, (b) below the resonance [II], © 2017 IEEE.
Excitation of the unloaded transmit loop through the feeding point (shown in Fig. 4(c)) creates a
symmetric pattern of opposing magnetic fields around the semicircular loops (ܵܮଵ and ܵܮଶ) as
shown in the same figure. Each opposing magnetic field induces a current in the receive loop
proportional to the magnitude of the corresponding magnetic field. Since the opposing magnetic
fields are symmetric, the magnitude of the included currents is equal and opposing. Thus, the
resultant induced current in the receive loop is zero, meaning that no power is transmitted from
the transmit loop to the receive loop, and the loops remain decoupled. In order to measure the
resonance frequency of the sensor, the LC sensor should be placed in the near-field zone of the
antenna and centrally aligned to either of the semicircular loops. In this analysis, we assume that
the  LC  sensor  is  aligned  and  coupled  to ܵܮଵ.  When  the  LC  sensor  is  coupled  with ܵܮଵ, the
impedance of the sensor is reflected into the same semicircular loop. Thus, the impedance of ܵܮଵ
becomes higher than the impedance of ܵܮଶ , and consequently, a greater amount of current passes
through ܵܮଶ. Unequal current flow in the semicircular loops cancels the symmetry of the opposing
magnetic fields. Therefore, a current proportional to the magnitude of the resultant magnetic fields
around the semicircular loops is induced to the receive loop [II].
In order to further investigate the behavior of the planar antenna, a comprehensive
electromagnetic simulation was conducted using ANSYS HFSS. The simulated current density
(complex magnitude) in the planar antenna is shown in Fig. 5 (a-f). As can be seen from Fig. 5(a),
in the absence of the sensor, the induced current in the receive loop is extremely insignificant
compared to the excitation current. When the sensor is coupled with ܵܮଵ, the current density in
ܵܮଶ  and the receive loop increase, as the frequency of the excitation approaches the resonance
frequency of the sensor (shown in Fig. 5(b,c)). At frequencies above the resonance frequency,
direction of the current flow in the sensor undergoes a 180 degree phase change (shown in Figs.
6 (a,b)). This reverses the loading effect on ܵܮଵ, meaning that at frequencies above the resonance,
the impedance of ܵܮଵ becomes less than the impedance of ܵܮଶ, and consequently, a greater
amount of current flows through ܵܮଵ (shown in Fig. 5(f)). Recalling that in a series RLC circuit,
the current reaches its maximum at resonance [60] (shown in Fig. 5(d)), where the capacitive
reactance and inductive reactance cancel each other out and current phase oscillates between −90°
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Fig.  7. The electrical model of the planar antenna [II], © 2017 IEEE.
and +90°. Therefore at the resonance frequency, the receive loop receives the maximum induced
current where loading effect on ܵܮଵ and ܵܮଶ is exchanged periodically. The electrical model
(equivalent circuit) of the antenna is illustrated in Fig. 7. The current in each loop can be
calculated through the following mesh equations:
݆߱ܮ௧ܫଵ + ݆߱ܯ௧ܫଶ + (ܫଵ + ܫଶ)ܴ + ௜ܸ௡ + ݆߱ܯ௧௦ଵܫ௦ − ݆߱ܯ௧௥ܫ௥ = 0 (10)
	݆߱ܯ௧ܫଵ + ݆߱ܮ௧ܫଶ + (ܫଵ + ܫଶ)ܴ + ௜ܸ௡ + ݆߱ܯ௧௦ଶܫ௦ + ݆߱ܯ௧௥ܫ௥ = 0																										(11)
݆߱ܯ௧௦ଵܫଵ + ݆߱ܯ௧௦ଶܫଶ + ܫ௦ܴ௦ + ூೞ௝ఠ஼ೞ + ݆߱ܮ௦ܫ௦ − ݆߱ܯ௥௦ܫ௥ = 0																										(12)
																														−݆߱ܯ௧௥ܫଵ + ݆߱ܯ௧௥ܫଶ − ݆߱ܯ௥௦ܫ௦ + ݆߱ܮ௥ܫ௥ + ܫ௥ܴ = 0																																					(13)
The mesh equations can be summarized by the following matrix [II]:
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where ௜ܸ௡ and ௢ܸ௨௧ are the source and induced voltage (in the receive loop), respectively. ܫ௦
denotes the current in the sensor, and ܫ௥ is the induced current in the receive loop. R represents a
50-ohm resistor (source and load impedances). ܥ௦ is the capacitance of the MEMS pressure sensor.
Inductance and resistance of the inductive coil are denoted by ܮ௦ and ܴ௦.The inductances of each
semicircular loops and the receive loop are denoted by ܮ௧ 	 and	ܮݎ , respectively.	ܯ௧௥	denotes the
mutual inductance between each semicircular loop and the receive loop. ܯ௧௦ଵ,	ܯ௧௦ଶ are the mutual
inductances between the sensor and the ܵܮଵ and ܵܮଶ, respectively. ܯ௥௦ is the mutual inductance
between the receive loop and sensor, and ܯ௧ denotes the mutual inductance between ܵܮଵ and
ܵܮଶ.By solving the above 4×4 matrix in Eq. (14), the induced current and voltage in the receive
loop are expressed by [II]
																																											ܫ௥ =	
݆߱ܫ௦[ܯ௧௥(ܯ௧௦ଵ −ܯ௧௦ଶ) +ܯ௥௦(ܯ௧ − ܮ௧)](݆߱ܮ௥ + ܴ)(ܯ௧ − ܮ௧) + 2݆߱ܯ௧௥ଶ 																																			(15)
																																							 ௢ܸ௨௧ =	
݆߱ܫ௦[ܯ௧௥(ܯ௧௦ଵ −ܯ௧௦ଶ) +ܯ௥௦(ܯ௧ − ܮ௧)]	ܴ(݆߱ܮ௥ + ܴ)(ܯ௧ − ܮ௧) + 2݆߱ܯ௧௥ଶ 																															(16)
																																						| ௢ܸ௨௧| =	 ܫ௦[ܯ௧௥(ܯ௧௦ଵ −ܯ௧௦ଶ) +ܯ௥௦(ܯ௧ − ܮ௧)]	ܴ
ඨ[ܮ௥(ܯ௧ − ܮ௧) + 2ܯ௧௥ଶ ]ଶ + ൤ܴ଴(ܯ௧ − ܮ௧)߱ ൨ଶ 	.																										(17)
As Eq. (17) states,	| ௢ܸ௨௧ | is maximized when ܫ௦ reaches the maximum value. Recalling that in a
series RLC resonator, the current peaks at the resonance frequency [60] with a stable voltage
source  ( ௜ܸ௡),  | ௢ܸ௨௧/ ௜ܸ௡| reaches the maximum value at the resonance frequency of the sensor.
Thus, the resonance frequency of the sensor can be measured by measuring the forward
transmission gain (ܵଶଵ parameter) between the transmitter and receiver [II].
Fig. 8. Wearable dual-port planar antenna. (a) Transmit loop. (b) Receive loop. The ultra-miniature coaxial
connector (UMCC) is attached to the textile fabric using silver conductive epoxy adhesive.
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2.2.1 Wearable planar antenna
In real-life applications, there might be scenarios in which continuous ICP monitoring may
require wearable electronics to be worn by a patient. To this end, a wearable version of the antenna
was fabricated using conductive fabric (shown in Fig. 8). In the wearable version of the antenna,
the same antenna topology was implemented; however, instead of the circular loops rectangular
loops were used. The rectangular loops were formed by laser cutting the geometry of the loops
from a conductive fabric. The conductive fabric is heat sensitive and can stick to textile substrates
using thermal compression. The proposed wearable antenna could provide at least 50 dB T/R
isolation within the frequency range of 1-100 MHz.
 3D version of the planar antenna
The 3D version of the planar antenna is the volumized version of the 2D antenna with the same
geometry. The 3D antenna was fabricated by laser cutting the frame of the transmit and receive
loops from an FR4 substrate, then, the whole volume of the frame was covered by adhesive copper
tape. The transmit and receive loops are placed on a cardboard using a sticky deformable paste
(Blu-Tack) and separated by 1.6 mm. A prototype of the antenna is shown in Fig. 9 [II].
As mentioned in the theoretical analysis of the antenna performance, the level of T/R isolation
highly depends on the symmetry of the antenna. In fact, fabrication of a perfect symmetric antenna
is essential to achieve the best possible T/R isolation. More specifically, in order to create a perfect
symmetric opposing magnetic field, the current flowing in semi-circular loops should be exactly
equal. This requires an ideal impedance balance between the ܵܮଵ and ܵܮଶ. However, in practice,
the fabrication process might distort the impedance balance, and thereby, unequal opposing
magnetic fields are created around the semi-circular loops. This will result in power transmission
from transmitter to receiver. In order to mitigate this issue in the 3D antenna, the transmit loop
can slightly rotate around z-axis to adjust the T/R isolation. The effective angular rotation to tune
the T/R isolation found to be less than ±1 degree [II].
Fig. 9. (a) 3D version of the dual-port antenna. (b) Angular rotation of the transmit antenna [II], ©
2017 IEEE.
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Fig. 10. The measured resonance frequency of the sensor. (a) With 2D antenna in air. (b) With 2D antenna
in porcine tissue. (c) With 3D antenna in air. (d) With 3D antenna in porcine tissue [II], © 2017 IEEE.
Fig. 11. (a) Measured resonance frequency over distances from reader antenna. (b) Impact of the matching
network on T/R isolation. (c) T/R isolation of the antenna near the saline tank. (d) Impact of coating on the
resonance frequency [II], © 2017 IEEE.
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 Measurement with the planar RF probe
The performance of the RF probe was verified in air and porcine tissue (shown in Fig. 10(a-d)).
The  porcine  tissue  was  used  to  emulate  the  dielectric  properties  of  the  human  tissue.  In  the
measurement in air, the resonance frequency of the sensor was measured over several distances
from the planar antenna. The distance between the sensor and antenna was increased at 5-mm
intervals. For measurement in the porcine tissue, first, the sensor was coated with silicon adhesive
(ߝ௥=2.66, tan δ=0.007) and then placed inside the tissue at different depths through a small
incision. The coating layer slightly reduced the resonance frequency (< 1 MHz) due to the
additional parasitic capacitance (shown in Fig. 11(d)). Analogous to the measurement in air, the
distance between the antenna and the sensor was increased at 5-mm intervals. The measured
resonance frequency with 2D and 3D antennas is shown in Fig. 11 (a). As can be seen from the
figure, with the 2D antenna, the resonance frequency of the sensor could be detected when the
sensor is placed as far as 35 mm in air and 25 mm in porcine tissue. In the measurement with the
3D antenna, the detection range extended up to 40 mm in air and 30 mm in porcine tissue. The
experiment results suggest that the 3D antenna could provide extended detection range compared
to the 2D antenna. This can be explained by the improved T/R isolation of the 3D antenna through
the tuning functionality [II]. Moreover, its 3D structure benefits from an enhanced effective
coupling area for the inductive link between the antenna and sensor [61].
The  impact  of  the  matching  circuit  on  the  T/R isolation was investigated by matching both
transmit and the receive loops around the resonance frequency of the sensor. As shown in Fig.
11(b), matching the loops degrades the T/R isolation, more severely around the matching
frequency. Since highly isolated transmit and receive loops are required for the detection of an
implant in deep, the T/R isolation was measured as close as 1 mm to a saline container to ensure
that the eddy current does not degrade the T/R isolation in real-life applications. As illustrated in
Fig. 11 (c), the eddy current has an insignificant impact on the antenna performance.
 Design Consideration for an LC implant
As mentioned previously, the design of an implant for measuring a specific parameter inside the
body requires careful consideration of the nature of the parameter to be measured (e.g.
temperature, pressure, strain etc.) as well as the location of the implantation and properties of the
tissue surrounding the sensor when implanted. A key consideration in the design of the LC sensor
is to ensure that the sensor is easily detectable when implanted at the desired depth inside the
tissue. In addition, the size of the implant should be kept as small as possible to provide minimally
invasive implantation. To this end, the efficiency of the inductive link between the external reader
and the sensor should be optimal while considering that geometric properties of the implant need
to be as miniature as possible.
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Fig.  12. (a) Geometric parameters of the planar spiral coil. (b) Equivalent circuit of the RLC sensor.
2.5.1 Implant size
The constraints on the size of the implant depend on the application of the implant and the organ
in which the device is implanted. In most of the applications, a small form factor is required to
provide minimally invasive implantation and patient comfort. Miniaturization is most critical in
some specific applications, such as IOP monitoring and spinal implants, where devices as
miniature as 2 mm and 4 mm are required, respectively [39], [62]. Basically, the overall size of
the implant is dominated by the size of the planar inductor, which itself is interrelated to the
inductance and quality factor of the LC resonator. In this study, the outer diameter of planar coils
ranges from 13 to 22 mm. However, the sensor with outer diameter of the 13 mm has been used
in the in vivo study.
2.5.2 Quality factor
An  LC-based  implant  needs  to  achieve  the  sufficient  Q  factor  to  ensure  that  the  sensor  is
detectable through near-field energy transfer between the implant and the external reader.
Moreover, it should be sensitive enough to the variations of the quantity being measured [63].
However, maximizing the quality factor of the sensor might oppose the size and fabrication
constraints.  Therefore,  there  should  be  a  tradeoff  between  the  size,  geometric  properties  and
quality factor of the implant. In the following, a parametric analysis of the quality factor is
discussed.
The quality factor of a series RLC resonant circuit (as modeled in Fig.12 (b)) for given resistance
(R), inductance (L) and capacitance (C) is determined by
																																																																													ܳ = 1ܴ ඨܮ
ܥ
																																																																					(18)
17
The  resistance  of  the  of  the  spiral  inductor  has  two  components,  DC  resistance  (ܴ஽஼) and
frequency-dependent skin depth (ߜ), and can be estimated by [63]
																																																		ܴ = 	ܴ஽஼ ܶ	ߜ 11 − ݁ି்/ߜ = 1
ߪݓߜ(1 − ݁ି்ఋ) 																																						(19)
where T is the thickness (copper thickness), ݓ	is the trace width, and ߪ is conductivity of the coil.
The accurate computation of the inductance of an arbitrary spiral coil is complicated and requires
field solver[64], however, it can be approximated by [63]
																																															ܮ = ߤ଴ܰଶ(݀௜௡ + ݀௢௨௧)	4 ൤݈݊ 2.46݌ + 0.20݌ଶ൨																																							(20)
where ߤ଴	is the magnetic permeability, N denotes number of the turns, ݀௜௡	and ݀௢௨௧  represent the
inner and outer diameter, respectively, and ݌ is the fill factor of the coil, which is defined as [63]
																																						݌ = (݀௢௨௧ − ݀௜௡)(݀௢௨௧ + ݀௜௡) = 	 (2ܰ + 1)ݓ + (2ܰ − 1)ݏ2݀௢௨௧ − (2ܰ + 1)ݓ − (2ܰ + 1)ݏ 		.																							(21)
The  capacitance  of  the  RLC  sensor  is  the  sum  of  capacitance  of  the  MEMS  sensor  (ܥ௦) and
parasitic capacitance (ܥ௦௧௥௔௬). There are several factors contributing to the creation of the parasitic
capacitance, including coating of the spiral inductor, capacitance between adjacent traces and
permittivity of the surrounding tissue when the sensor is implanted. According to the model
shown in Fig. 12(b), the total capacitance	(ܥ) can be expressed by
																																																																									ܥ = 	ܥ௦ + 	ܥ௦௧௥௔௬ 	.																																																											(22)
For the implantable RLC sensor, the major contributors to the parasitic capacitance, and
consequently to the quality factor, are the coating material, thickness of the coating layer and
dielectric properties of the tissue. The MEMS pressure sensor (Murata SCB10H-B012FB) used
in  this  study  also  shows  considerable  lossy  behaviour  at  frequency  above  50  MHz,  which  is
discussed later in the following section. A detailed analysis on the impact of the parasitic
capacitance on the ICP measurement is presented in Chapter 4.
A comprehensive parametric analysis of the quality factor based on the aforementioned equations
is given in [63]. According to the study, the quality factor rises as ݀௢௨௧  increases and reduces as
the spacing between the turns increases. Therefore, the quality factor can be enhanced by setting
those parameters to their limits, that is, maximizing the outer diameter and minimizing the
spacing. However, in practice, the limits are set by the design concept (e.g. size and geometry)
and fabrication constrains. In this study, spacing and trace width were set to150 mm due to the
manufacturing limits of the planar coil on a flexible polyimide substrate (thickness: 50 µm). The
outer and inner diameters vary in different implementation of the spiral inductor. Table 1 presents
geometric properties of the spiral inductors and the measured quality factor. For evaluation of the
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Table 1. Geometric parameters of the fabricated spiral coils and measured Q factor.
Geometry of
the inductor
Trace width/
Spacing [µm]
Inner
diameter
[mm]
Outer
Diameter
[mm]
Resonance
frequency in
air [MHz]
Number
of turns
[N]
Measured
Q factor
Circular 150/150 4 22  13 30 62
Circular 150/150 2 15 29.5 20 61
Circular 150/150 4 13  35.3 15 60
Rectangular 150/150 1 15  30.9 20 60
quality factor, all the inductors were connected to 10 pF-capacitor and interrogated wirelessly
through the dual-port planar antenna. The quality factor was extracted by measuring the 3-dB
bandwidth of the peak response of the ܵଶଵ parameter.
 Sensitivity of the sensor
For the proposed LC sensor, the measurement sensitivity of the pressure variation is defined as
the  rate  of  change  in  the  frequency  shift  of  the  sensor,  with  respect  to  the  variation  of  the
capacitance of the MEMS sensor. Considering that the MEMS sensor’s capacitance changes as a
function of the imposed pressure, the measurement sensitivity can be expressed by [57]
																																																											
߲ ௦݂
߲ܥ௦
= −
1
4ߨඥܮ௦ܥ௦
= − ௦݂
2ܥ௦
.																																																					(24)	
It can be interpreted from Eq. (24) that the sensitivity (pressure-depended frequency shift)
increases, if the sensor is excited at a higher frequency. In addition, miniaturization of the implant
is achievable at a higher excitation frequency by reducing the number of the spiral coil’s turns.
However, through empirical experiments, the MEMS sensor was found to introduce noticeable
parasitic above 50 MHz, and consequently, the quality factor of the RLC resonator reduces. This
imposes operating at lower frequencies. A comparative study on the impact of operation
frequency on the sensitivity of the pressure measurement is presented in Chapter 4.
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Fig. 13. Passive LC sensors designed in this study. (a) Sensor A, (b) Sensor B [I], (c) Single-turn
reader antenna [I], (d) Sensor C [III]. (e) Dual-coil ICP sensor (Sensor M1). (f) The MEMS
pressure sensor (cross-sectional and top views).
2.6.1 Specifications of the sensors
In  this  study,  several  sensors  were  designed  with  different  specifications  in  terms  of  size,
geometry, form factor and operation frequency. All the designed sensors follow the classic
paradigm of an LC tank circuit, but were customized for different modes of ICP measurement.
The specifications of each sensor are presented in Table 2, and the sensors are shown in Fig. 13.
Each type of sensor has a unique label, as presented in the table (the reference tags are recalled in
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Chapters 4 and 5). As mentioned previously, the inductive coil is connected to a variable MEMS
capacitor to create a resonance at a specified frequency at air pressure. The capacitance of the
pressure sensitive element varies as a function of the applied pressure, and thus, changing the
resonance frequency of the LC tank. A graphical illustration of the MEMS sensor is shown in Fig.
13(f). In the proposed wireless telemetry, the inductive coil is placed on the skull and connected
to the subdural MEMS sensor through an ultra-thin coaxial cable. In this way, the wireless channel
between the implant and the external reader is shortened to reduce the length of the wireless
channel, thereby improving the efficiency of the RF inductive link.
Table 2. Characteristics of the sensors used in this study.
Label in the
corresponding
study
Corresponding study
Resonance
frequency in
air [MHz]
Number of
turns [N]
Diameter/trace
width [mm]
A In vitro (subdural) 13 30 22/0.15
B In vitro (subdural) 31.2 15 13/0.15
C1, C2, C3
In vitro
(intraparenchymal and
intraventricular), Drift
measurement
25 15 15/0.15
M1,T1,T2 In vivo See Table 3
(page 38)
20 15/0.15
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3 External ICP reader device
 Reader electronics
Clinical utilization of the fully passive sensors requires a reader device for communication with
the implant to readout the pressure value. To this end, a dedicated hand-held reader device was
developed to communicate with the implant and record the ICP value. The functional block
diagram of the reader device is shown in Fig. 14. The reader device is a Bluetooth-enabled device
for wireless interrogation of the implant on demand. In order words, the pressure values can be
read only when the reader  device excites  the implant  and collects  the received signal  from the
sensor. The measurement board comprises 4 major functional blocks including RF front-end,
processor unit, wireless interface and power management unit. The RF front-end consists of
separate transmit and receive channels. In the transmit channel, a programmable Direct Digital
Synthesis (DDS, AD9951 [65]) generates a continuous wave (CW) RF signal to excite the
implant. The bandwidth of the sweep frequency can be programmed by the user based on the
resonance frequency of the sensor. The RF signal is transmitted to and received from the sensor
via the dual port planar antenna. Through the receive channel, the received signal is amplified,
filtered and then fed to an RF gain/phase comparator block (AD8302[66]). The RF gain/phase
block compares the magnitude ratio of and the phase difference between the transmitted and
received signals and produces DC output signals proportional to the magnitude ratio of and the
phase difference between the transmitted and received signals.
Fig.  14. Functional block diagram of the reader electronics.
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Fig. 15. AD8302 compares the magnitude ratio of and phase difference between the transmitted and
received signals.
Fig. 16. DC output characteristics of the RF gain/phase comparator. Redrawn from [66].
The characteristics of the RF gain/phase comparator is shown in Figs. 15 and 16. As can be seen
from the figures, the output voltage of the chip increases, as the magnitude ratio between the
transmit and receive signals increases. In addition, the DC output voltage corresponding to the
phase difference between the signals varies depending on whether the phase difference increases
or declines. The input signals, that are transmitted and received, are captured by a cascade of
matched demodulating logarithmic amplifiers. The output voltages generated by AD8302 are
converted to digital values using a 16-bit delta-sigma analog to digital converter (ADC). A high
performance embedded microcontroller (TI-MSP430F5529 [67]) captures the output digital data
and transmits the data to a wireless Bluetooth module. The Bluetooth module is connected to a
host PC via Bluetooth link for real–time transmission of the data. The incoming data stream to
the PC is handled via a dedicated LabVIEW application. The application retrieves the incoming
data and performs pre-processing for noise reduction. The application stores the ICP data,
visualizes it and extracts the resonance frequency of the sensor from the frequency response.
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 Software development
The software required for the reader device to perform the pre-defined tasks was developed in C
programming language using IAR workbench IDE. The software first initiates the internal
modules of the MCU, then, initializes the DDS signal generator and specifies the properties of
the excitation signal including the bandwidth of the scan, phase offset and frequency of RF signal.
The specific functions written in C handle the data communication between the microcontroller
and the other modules of the measurement board.
Fig.  17. Hand-held reader electronics for wireless communication with the ICP implant. (a) ICP
reader with rigid dual-port  antenna.  (b)  The wearable antenna is  implemented in the form of  a
headband.
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Fig.  18. Execution sequence of the program running on the reader’s MCU.
As mentioned previously, a dedicated LabVIEW application was developed so that the
measurement device interface with a PC in real-time. The developed application handles the
incoming data from the measurement board and performs the necessary processing for detecting
the resonance frequency.
 Measurement with the ICP reader
As discussed earlier, the reader’s electronics detect the resonance frequency of the sensor by
measuring  the  magnitude  ratio  of  and  the  phase  difference  between  the  transmit  and  receive
signals. The planar antenna provides separate signal pathways for concurrent transmit and receive
operation. The generated RF signal by DDS is split using an onboard 0-degree RF splitter. The
splitter accepts the generated RF signal and outputs two RF signals with identical properties. As
can be seen from Fig. 19, the generated RF signal is split into Output A and Output B. Output A
is used to excite the implant, and Output B is used as the reference signal to be compared with the
received signal.
The strength of  the received signal  depends on the distance between the sensor  and the planar
antenna. Thus, it is essential to keep the distance as short as possible. With implant topology
discussed in Chapter 2, the coupling distance is shortened by placing the planar inductor under
the skin and passing the pressure-sensing element to the subdural region through the coaxial cable.
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Fig. 19. The RF splitter outputs two identical signals.
The resonance frequency of the sensor is detected by searching for a peak in the frequency
response of the sensor (Fig. 20(a)). In addition, as shown in Fig. 20 (b), the phase difference data
shows a sharp dip almost at the resonance frequency of the sensor. The measured resonance
frequency of  a  sample series  RLC resonator  ( ௦݂=21.06 MHz) with the ICP reader  and VNA is
illustrated in Fig. 20.
Fig. 20. (a) Resonance frequency of a sample RLC resonator measured with ICP reader and VNA. (b)
Magnitude ratio of and phase difference between transmit and receive signals (data recorded by the
ICP reader).
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4 In vitro evaluation of the ICP sensor
The design of biomedical implants is carried out by advanced analysis of device performance
through accurate modeling of the physiological condition using specific measurement setups.
Further investigation may be done through in vivo studies using animal models and clinical trials.
The following chapter reports the findings from simulation of different modes of ICP through
specific measurement setups.
In vitro evaluation of subdural ICP monitoring
In  order  to  assess  the  performance  of  the  sensor  for  subdural  ICP  monitoring,  a  specific
measurement setup was designed to emulate the subdural ICP measurement. As can be seen in
Fig. 21, the measurement setup contains a water tank to create hydrostatic pressure, simulating
the intracranial pressure. There are two valves to allow water intake and water drain. The sensor
was placed at the bottom of the water tank, and the applied pressure was varied by changing the
amount of water. The resonance frequency of the sensor was detected by measuring the input
impedance of the external reader via a vector network analyzer (VNA), and the actual pressure
was recorded using an industrial-grade pressure sensor (IMF electronic GmbH PA 3528 [68]).
The gap between the reader and ICP sensor was filled with 5 mm of pig skin. In this measurement,
two sensors (labeled as Sensor A and Sensor B in Table 2) with different resonance frequencies
were used to study the impact of the operation frequency on the sensitivity of the measurement.
Fig.   21.  Measurement  setup  for  subdural  ICP  measurement  [I].  The  external  reader  used  in  the
measurement is the single-turn reader shown in Fig.13 (c).
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Fig. 22. Measurement data recorded from sensor A. (a) Magnitude and (b) phase angle of the input
impedance. (c) Reflection phase. (d) Frequency shift versus the applied pressure. (e) Impedance phase
dip. (f) Variation of the reflection phase as a function of the applied pressure [I].
(a) (b)
(c)
(d)
(e) (f)
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Fig. 23. Measurement data recorded from Sensor B. (a) Magnitude and (b) phase angle of the input
impedance. (c) Reflection phase. (d) Frequency shift versus the applied pressure. (e) Impedance phase
dip. (f) Variation of the reflection phase as a function of the applied pressure [I].
(a)
(b)
(c)
(d)
(e) (f)
29
4.1.1 Findings from the in vitro subdural test
The measurement results from the subdural in vitro tests with Sensor A and B are shown in Figs.
22(a-f)  and  23(a-f).  As  can  be  seen  from the  figures,  the  resonance  frequency  and  impedance
phase of the sensor varies as a function of the applied pressure and can be detected by measuring
the magnitude and phase of the reader antenna’s input impedance. In addition, measuring the
phase of the reflection coefficient of the reader antenna could provide information on pressure
variation, as explained in Chapter 2. In both measurements (with Sensor A and Sensor B), the
resonance frequency of the sensors declines as the applied pressure increases. However, the
overall frequency shift in Sensor B within the pressure ranging from 0-70 mmHg is greater than
that of Sensor A. As can be seen from Figs. 22(b) and 23(b), the phase of the input impedance
shows a dip near the resonance frequency of the sensor and decreases as the pressure raises. Study
of the reflection coefficient shows that the reflection phase of the sensors increases as the applied
pressure increases. The change in the reflection phase of the sensors can be explained by a change
in  the  reactive  characteristics  of  the  load  (LC  tank  circuit)  under  the  applied  pressure.  The
measurement results with both sensors are summarized in Table 3. As presented in the table, the
overall  change  in  the  impedance  phase  and  reflection  phase  varies  as  the  frequency  of  the
excitation (operation frequency) increases. Nevertheless, the impact of the higher operation
frequency  is  significant  in  data  derived  from  the  resonance  frequency  shift  [I],  [IV],  [V].
Therefore, it can be interpreted that increasing the operation frequency can improve the sensitivity
of the ICP measurement.
In Figs. 22(a) and 23(a), a sudden jump in the resonance frequency of the sensors can be seen,
when they are attached to the wall of the water tank. In fact, when the LC sensor is placed near
the water tank, the electric flux around the inductive coil reduces due to the permittivity of water.
Moreover, the proximity of the sensor to water adds additional parasitic capacitance to the
inductive coil and reduces the resonance frequency.
Table 3. Summary of the measurement with Sensor A and Sensor B [I].
Sensor
label
Resonance
frequency
[MHz]
Overall
shift in
resonance
frequency
[kHz]
Overall
phase dip
change
[degree]
Overall
reflection
phase
change
[degree]
Max.
resolution
from
resonance
frequency
[mmHg]
Max.
resolution
from
impedance
phase
[mmHg]
Max.
resolution
from
reflection
phase
[mmHg]
A 13 280 6.84 0.8 5 2.5 2.5
B 31.2 720 7.51 0.9 2.5 2.5 2.5
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 Modeling intraparenchymal and intraventricular ICP
measurement
In  clinical  practice,  for  intraparenchymal  ICP  measurement,  a  pressure  sensitive  transducer  is
inserted in the brain parenchyma to measure the compartmental transmittance of ICP. Similar to
the  intraparenchymal  measurement, in intraventricular ICP measurement, a miniature pressure
sensitive element is introduced into the ventricle of the brain [69]. Intraventricular ICP monitoring
is  believed  to  be  the  gold  standard  for  assessment  of  ICP.  A  graphical  illustration  of
intraventricular and intraparenchymal ICP measurements is shown in Fig. 24. Here, in this study,
the performance of the implant (labeled as Sensor C1 in Table 2) was evaluated through specific
measurement  setups.  Two  separate  measurement  setups,  named  Setup  A  and  Setup  B,  were
designed for each mode of ICP measurement. With Setup A and B, the performance of the sensor
for intraparenchymal and intraventricular ICP measurements, respectively, were simulated.
Fig. 24. Graphical illustration of (a) Intraventricular, (b) intraparenchymal ICP measurements [V],
©2016 IEEE.
As depicted in Fig.  25(b),  in  Setup A,  the MEMS pressure sensor  was placed inside a  balloon
filled with a 0.25%-agarose gel. The agarose-filled balloon itself was placed inside a sealed
container filled with 0.9 % saline. The agarose gel was used to emulate the viscoelasticity of the
brain tissue. In Setup B, the MEMS pressure sensor and the coaxial cable were inserted in the
saline container, but without the agarose-filled balloon. In Setup A, the sensing element is in
contact with agarose gel, whereas in Setup B, the sensing element is in direct contact with saline.
In both setups, the inductive coil of the implant was placed outside the saline container, as shown
in Fig. 25(a); the resonance frequency of the sensor was measured using the orthogonal-coil RF
probe reported in [59]. The RF probe consists of two orthogonally oriented rectangular coils with
separate transmit and receive loops. When an LC-based implant is placed near the RF probe, the
resonance frequency of the sensor can be detected by measuring the forward transmission gain
(ܵଶଵ)  of  the  probe.  The  frequency  response  of  the  RF  probe  shows  a  peak  at  the  resonance
frequency of the sensor. The gap between the inductive coil and the RF probe was filled with a
saline tub with the height of 5 mm to simulate dissipative properties of the skin. The pressure
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Fig.  25. Modelling intraparenchymal and intraventricular ICP monitoring [III], © 2016 IEEE.
inside the saline container was varied by pressurizing the airtight container within 10-70 mmHg
at 5-mmHg intervals and the resonance frequency of the sensor was recorded by measuring theSଶଵ parameter of the RF probe using a 50-ohm vector analyzer, provided that transmit and receive
loops were connected to port A and port B of the network analyzer, respectively [III].
As shown in Fig. 26, the resonance frequency of the sensor decreases as the applied pressure
increases. However, the overall frequency shift within the pressure ranging from 10 to 70 mmHg
in Setup A is less than the overall frequency shift in Setup B. The findings from this experiment
show that the sensitivity of the pressure-sensing element reduces in agarose gel, indicating that
only a part of the applied pressure can deform the diaphragm of the MEMS element. This can be
explained by the deformability of the agarose gel. In other words, when the balloon is pressurized
through the surrounding liquid, it slightly deforms, which may lead to incomplete transmission of
the total pressure to the deformable diaphragm of the MEMS sensor. In addition to the resonance
frequency of the sensor, the phase shift of the transmission gain (Sଶଵ) of the RF probe changes as
the pressure varies. This phase shift (phase distortion) can be considered as a variable parameter
to the pressure variation through the following definition [III]:PD(ω) = φ|Sଶଵ(ω)|ଶ│ ୛୧୲୦	
ୱୣ୬ୱ୭୰	
−	φ|Sଶଵ(ω)|ଶ│୛୧୲୦୭୳୲								
ୱୣ୬ୱ୭୰	 																															
(25)
A  similar  trend  can  be  seen  from  the  data  obtained  from  the  phase  shift.  The  phase  of  theSଶଵ	parameter declines as the pressure increases. As can be seen from Fig. 26, the overall phase
distortion (PD) in measurement Setup A and Setup B are 10.42° and 11.33°, respectively [III].
The findings from the in vitro test show that the proposed ICP implant is capable of detecting the
pressure variation of at least at 5 mmHg intervals in the modeled intraparenchymal and
intraventricular ICP measurements, but with different sensitivity.
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Fig. 26. (a) Resonance frequency versus applied pressure (in Setup A). (b) Phase distortion versus
applied pressure (in Setup A). (c) Resonance frequency versus applied pressure (in Setup B). (d) Phase
distortion versus applied pressure (in Setup B) [III], © 2016 IEEE.
 Drift performance evaluation
In order to further verify the performance of the sensors before the in vivo test, the sensors were
tested in a specific measurement setup for long-term drift performance evaluation. In this
evaluation test, two identical sensors (labeled as Sensor C2 and Sensor C3 in Table 2) were tested
over the course of 40 days and 15 days in a saline container, respectively. Both sensors possess
identical geometric properties, but were coated with different materials. The following provides
a comprehensive analysis of the drift performance of the sensors.
4.3.1 Analysis of the long-term drift performance of Sensor C2
The performance of Sensor C2 over the course of 40 days is shown in Fig. 27. For a detailed
analysis of the sensor’s behavior, the graph is divided into Zones 1 and 2, which will be analyzed
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separately. The y-axis represents the calculated relative pressure (in mmHg) under the following
conditions:
· The inductance of the coil and capacitance of the MEMS sensor (at constant pressure) are
constant.
· The ambient  pressure (room pressure)  was also assumed to be constant  and subtracted
from the total pressure read by the sensor.
In the measurement with VNA, only the resonance frequency was measured; therefore, the
pressure values need to be calculated mathematically through the relation between the applied
pressure and capacitance. The relation is given by the MEMS sensor manufacturer as [70]:
																																																				ܥ௠௢ௗ௘௟(݌) = ܥ଴଴ + ܥ଴
1 −
ܥ଴
ܭ ݌
+ ܽܥ଴
1 −
ܥ଴
ܾܭ ݌
																																						(26)
where ܥ௠௢ௗ௘௟  and p are the pressure-dependent capacitance of the MEMS sensor and applied
pressure, respectively. ܥ଴଴ ,ܥ଴ and K are pressure-independent statistical variables and vary from
sensor to sensor. Parameters a and b are constants specified by the manufacturer. The only varying
parameter is the parasitic capacitance caused by water absorption of the coating material (PDMS
for Sensor C2). The parasitic capacitance increases as the coating material absorbs more water.
4.3.1.1 Analysis of Zone 1 and Zone 2 (Sensor C2)
This zone of the graph started with the first day of measurement, when the dry sensor was placed
in the water tank at the depth of 20 cm. This height of water creates 15 mmHg hydrostatic
pressure. Thus, the applied pressure to the MEMS sensor was 15 mmHg hydrostatic pressure plus
Fig.  27. The drift performance of Sensor C2 over the course of 45 days.
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the room pressure. The room pressure (101.045 kPa = 757.9 mmHg) was subtracted from the total
pressure read from the sensor.
As can be seen from Fig.  27,  the calculated pressure at  day 1 is  close to 15 mmHg. This  is  in
agreement with the expectations. However, although the pressure was kept constant over the
whole period of the study, a major drift from day 1 to day 10 can be seen. This drift occurred due
to relatively quick water absorption of the dry sensor. Comparing the slope of the drift in Zone 1
and  Zone  2,  it  can  be  interpreted  that  the  rate  of  water  absorption  reduced  after  day  10,  and
consequently, the sensor resonated at a relatively stable frequency.
Zone 2 started from day 10, when the resonance frequency became relatively stable. The
maximum drift in period 1 of Zone 2 (14 days) is 12.71 mmHg. The trend of the drift in this period
increased, but with a very gentle slope. In period 2 of Zone 2 (8 days), the resonance frequency
of the sensor was almost stable, and the maximum drift in the pressure readout was 4.3 mmHg.
As can be seen, the pressure value was constant between days 32 to 38, but jumped on days 39
and 40. In the interval between periods 1 and 2, the resonance frequency fluctuated in an irregular
pattern. These irregular pressure variations might have occurred because the saline container was
emptied and refilled with the same liquid again at day 24.
Fig. 28. The drift performance of Sensor C3 over the course of 15 days.
4.3.2 Analysis of the long-term drift performance of Sensor C3
The performance of Sensor C3 is shown in Fig. 28. The measurement procedure for Sensor C3
was the same as Sensor C2, except that Sensor C3 was placed at the depth of 7 cm in the water
tank. In addition, Sensor C3 was coated with a biomedical-grade silicon adhesive (Nusil, MED-
2000, ߝ௥=2.66, tan δ=0.007). The total applied pressure to Sensor C3 was the room pressure plus
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5 mmHg hydrostatic pressure. The following describes the performance of Sensor C3 in Zones 1
and 2.
4.3.2.1 Analysis of Zone 1 and Zone 2 (Sensor C3)
A similar behavior can be seen with Sensor C3 in Zone 1 (major drift between days 1 to 3). As
previously mentioned for Sensor C2, this drift is due to water absorption of the coating material.
However, compared to Sensor C2, the resonance frequency of Sensor C3 became stable quicker
than Sensor C2. This can be explained by a different rate of water absorption of the different
coating materials.
The slope of the drift dramatically reduced in period 1of Zone 2, indicating that the rate of water
absorption has decreased. The maximum readout error in this period was 15 mmHg. In period 2
of Zone 2, the resonance frequency of the sensor became almost stable, and the maximum drift in
this  period is  7  mmHg. As can be seen,  the pressure value was completely stable  from day 11
onwards.
4.3.3 Conclusion on the drift performance evaluation
The varying parasitic capacitance is the main cause of the measurement drift. The parasitic
capacitance changes due to the hydration of the coating material. A major drift can be seen in the
first days, and then, the resonance frequency of the sensors eventually become stable. The
experimental results showed that the drift in Sensor C3 became stable quicker than Sensor C2.
This can be explained by a different rate of water absorption by the different coating materials.
According to the findings of this study, the coating material used in Sensor C3 provided more
stable encapsulation compared to Sensor C2. Although the resonance frequencies in both sensors
became stable after a while, it is not practical to use the sensors for continuous measurement. A
possible  solution  to  this  issue  is  to  use  an  auxiliary  resonator  as  the  reference  point.  In  the
following, the dual-coil operation for drift compensation is described.
 Dual-coil operation for drift compensation
As studied in the previous section, the main challenge in measurement with LC-based sensors is
the long-term drift in the resonance frequency. The drift is mainly caused by hydration of the
coating material. When the sensor is implanted, the surrounding liquid penetrates the coating
material, affecting the dielectric properties of the silicon, which leads to additional parasitic
capacitance to the LC circuit, resulting in a reduction of the resonance frequency of the sensor.
An  illustration  of  the  parasitic  capacitance  created  by  coating  material  is  shown  in  Fig.  29.  A
practical approach to tackle this issue is to measure the resonance frequency of the sensor against
a known reference point. In the proposed method, an auxiliary LC tank circuit with fixed value
components forms an independent resonance above the resonance frequency of the sensor to
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detect only the drift-related frequency shift caused by the changes in dielectric properties of the
coating layer.
Fig.  29. The stray capacitance between the coil’s turn created by coating material.
The principle of the dual-coil operation is illustrated in Fig. 30. This approach relies on the equal
impact of liquid absorption on both coils. In other words, the resonance frequency of both LC
circuits  will  be  affected  equally.  As  shown  in  Fig.  30,  both  peaks  shift  toward  the  lower
frequencies. However, the rate of the frequency shift differs in the resonators. The best result can
be obtained when the following conditions are met: 1) The inductive coil of the reference
resonator  is  identical  to  the inductive coil  of  the sensor,  to  ensure that  the impact  of  the water
absorption on both inductors is relatively equal, and 2) The resonance frequency of the reference
should be far enough, so that it does not affect the resonance frequency of the sensor and vice
versa.
Considering that the sensor and reference LC circuits form independent resonances, the drift-
related frequency shift in each resonator can be defined as
																																																																				߂ ௦݂ = ௦݂ − ௦݂,ௗ௥௜௙௧ 																																																																(27)
																																																																				߂ ௥݂ = ௥݂ − ௥݂,ௗ௥௜௙௧ 																																																																(28)
Fig. 30. Impact of the drift-related frequency shift on the resonance frequencies of both resonators.
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Fig. 31. (a) Frequency response of the implant with two resonators. (b) Resonance frequency of the
reference ( ௥݂) versus day. (c) Resonance frequency of the sensor ( ௦݂) versus day. (d) Ratio of the
resonance frequencies (ܭ).
where ௦݂  and ௥݂  are the resonance frequencies of the sensor and reference resonator before drift,
respectively, and ௦݂,ௗ௥௜௙௧ and ௥݂,ௗ௥௜௙௧ represent the resonance frequencies after drift occurs.
Recalling Eq. (24) from Chapter 2, the rate of frequency shift with respect to the variation of the
capacitance is directly proportional to the resonance frequency. Thus, in order to track only the
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drift-related frequency shift of the both resonators, the ratio of the resonance frequencies is
defined as
																																																																										ܭ = 	 ௥݂
௦݂
= ߂ ௥݂
߂ ௦݂
	.																																																															(29)
Since both resonators are affected equally, K remains constant, regardless of the amount of drift-
related frequency shift if the pressure variation in zero. The determination of pressure-dependent
frequency shift in the sensor can be realized through the following relation:
߂ ௣݂௥௘௦௦௨௥௘	 = ቀ ௦݂ − D௙ೝ௄ ቁ − ௠݂௘௔௦௨௥௘ௗ (30)
where ௠݂௘௔௦௨௥௘ௗ  is the measured resonance frequency including drift-related and pressure-
dependent frequency shifts.
 Performance evaluation of the dual-coil operation
The performance of the dual-coil operation was validated through a test bench. An implant
contains a sensor and a reference resonator was fabricated with independent resonance
frequencies of around 22.7 and 31.7 MHz, respectively. The resonance frequencies of both
resonators were measured in air. Then, the whole device was placed in a saline container, and the
resonance frequencies of the devices were measured daily. As can be seen in Fig. 31, both sensor
and reference resonators are affected by the surrounding saline, and thereby, both resonance
frequencies reduced because of the increasing parasitic capacitance. As can be seen in Figs. 31
(a-c), a major drift occurred between days 1-3, and then the resonance frequencies became stable
from day 3 onward. Considering that the pressure was kept constant during the experiment, the
frequency shifts have been caused by the variable parasitic capacitance. The drift related
frequency-shift was detected through the mathematical calculation described above. As shown in
Fig. 31(d), the flat region of the graph indicates that pressure-dependent frequency shift was zero
(߂ ௣݂௥௘௦௦௨௥௘	). It can be also seen that the ratio of the frequencies (in air) on day 1 does not agree
with those of the following days. This can be explained by considering the impact of the
hydrostatic pressure on the capacitance of the MEMS sensing element, when the sensor was
placed in the saline tank. In other words, for that specific data point, both the hydrostatic pressure
and parasitic capacitance contributed to the frequency shift.
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5 In vivo evaluation
 Device Implantation
The in vivo test conducted in this study was the first in-body evaluation of the proposed wireless
system to verify the feasibility of a pressure readout. The device implantation was managed by
placing a coated, sterilized sensor (labeled as Sensor M1 in Table 2) on the right side of a canine’s
cranium. The sensor was coated with Biomedical-grade silicon adhesive and sterilized through
the Ethylene Oxide (EtO) process.  As shown in Fig.  32,  the inductive spiral  coils  were placed
between the skin and muscles, and the MEMS sensing element was placed in the subdural region
(under the dura) through a small incision. The access to the dura was provided by removing a
small bone flap (bone thickness: 3-4 mm) from the skull. With this placement, the MEMS sensing
element  is  in  direct  contact  with  CSF  to  sense  ICP  and  the  inductive  coils  are  only  a  few
millimeters (2-3 mm) down under the head skin. The surgical procedure took approximately 1.5
hours to implant the device under general anesthesia. All parts of this animal study were
conducted in accordance with the laws and regulations established by Institutional Animal Care
Fig.  32. (a) The MEMS sensing element was placed under the dura through a small incision. (b)
After placing the MEMS sensor in the subdural region, the bone flap was sutured to the skull. (c)
The  coated  spiral  coils  were  sutured  to  the  surrounding  tissue.  (d)  The  whole  device  was
implanted, and the skin was sutured.
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and Use Committee (IACUC) to ensure that the highest ethical standards are met. The
specifications of the sensors used in this animal study are presented in Table 4.
Table 4. Specifications of the sensors used in the animal study.
Sensor label in
the test
Resonance frequency
in air [MHz]
Resonance frequency
in vivo in head-level
position [MHz]
Coil
geometry
Length of the
coaxial cable
[cm]
Sensor M1 21.75 21 Circular 9
Sensor T1 23.48 23.3 Rectangular 6
Sensor T2 23.18 22.9 Rectangular 6
 Wireless measurement with the implant
The wireless pressure readout was conducted by measuring the peak response (i.e. the resonance
frequency) of the sensor from approximately 1 cm above the animal’s head. A temporary change
of ICP was enforced by changing the head’s position. To this end, the test bed was tilted upward/
downward (±45°) to alter the ICP level. Elevating the animal’s head above cardiac level reduces
the ICP by facilitating venous drainage [71]. In contrast, in the head-down position, the ICP level
increases. The ICP fluctuation was detected by measuring the resonance frequency of the sensor
in head-up and head-down positions and comparing the results with the resonance frequency of
the sensor in head-level position. As shown in Fig. 33(b), in the head-up position, the resonance
frequency of the sensor increases by +150 kHz, and, in head-down position, it decreases by -150
kHz with respect to the resonance frequency of the sensor in head-level position. According to
the measurement results, the in vivo performance of the sensor agrees with the in vitro data
Fig.  33. (a) Frequency response of Sensor M1 in different head positions. (b) Frequency shift versus
head position.
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obtained from the same sensor. Here, it is relevant to remember that the resonance frequency of
the sensor reduces when the applied pressure increases and vice versa.
 Termination of the in vivo study and sensitivity test
The in vivo study was terminated 2 weeks after the implantation. The ICP implant remained
functional until day 4, provided that the day of surgery is counted as day 1. At day 5, wireless
reading was not possible with the sensor, and the implant did not respond to external interrogator.
At this point, there was an assumption that the implant’s function might have been affected by
some unknown physiological conditions imposed by post-surgery complications. Therefore, the
test was terminated 10 days after the last day of the sensor’s active life to ensure that the sensor’s
status would not change. In the termination of the test, two new implants (labeled as Sensor T1
and Sensor T2 in Table 2) were implanted in the canine’s cranium to perform a sensitivity test.
Similar to the first implanted device, the capacitive sensing elements of the new implants were
placed under the dura. Moreover, a commercial ICP probe was placed into the subdural region
next to the sensing elements of the implants. For the sensitivity test, the primary approach to alter
the ICP level was to perform hypo/hyper ventilation. However, this method did not change the
ICP level in the canine. To tackle this issue, the ICP level was forced to change by tilting the test
bed and changing the head position. As mentioned previously, for the sensitivity test, a
commercial ICP device  (Codman ICP monitor [72]) was used along with the proposed implants
to verify their performance.
Fig. 34. (a) Peak response of Sensor T2 in different head positions. (b) Frequency shift in Sensor T1 and
Sensor T2 versus the head position.
As can be seen from Fig. 34, both devices (Sensor T1 and Sensor T2) showed similar performance
to the first implanted device (Sensor M1). The resonance frequency of both sensors declines in
the head-down position and increases in the head-up position. A sensitivity of 100 kHz frequency
shift was observed per almost 5-mmHg ICP change in both increasing and decreasing gradients.
The actual ICP values in different head positions were recorded by the commercial ICP device
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(presented in the x-axis of the graph in Fig. 34(b)). The measured ICP values with the commercial
device also confirm that ICP level increases in the head-down position and decreases in the head-
up position.
 Dielectric properties of the coating material and drift
measurement
As previously observed in the drift evaluation test, the coating material (silicon adhesive) may
absorb bodily fluids, and consequently, the dielectric properties of the coating material might be
affected. This may cause a drift in the resonance frequency and measurement error with the ICP
implant. To mitigate the impact of the drift, as described in Chapter 4, a fixed-frequency auxiliary
LC tank was used along with the sensor as the reference resonator. The drift cancellation method
relies on the equal impact of the drift on the both resonators. This approach was implemented and
tested in the in vivo evaluation of the implant. As shown in Fig. 35, the ratio of the drift-related
frequency shift in the sensor and reference resonators is almost constant over time, suggesting
that with the proposed method, the drift-related frequency shift can be detected to correct the
measured value through the mathematical calculation explained in the previous chapter.
Fig. 35. (a) Drift-related frequency shift of the reference. (b) Drift in the resonance frequency of the
sensor. (c) The ratio of the resonance frequencies (K). (Data obtained from Sensor M1).
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 Conclusion on the in vivo evaluation of the ICP implant
The performance of the proposed ICP system was evaluated in vivo in a canine model. The finding
of the animal study confirmed the concept and feasibility of the wireless ICP readout through the
proposed RF telemetry system. The first implanted device remained functional for 4 days. The
measurement data obtained from the implant during its active lifetime is consistent with the in
vitro studies and theoretical analysis of the proposed telemetry system. A probable reason for the
implant to turn into inactive mode could be bodily fluids/ CSF penetration into the MEMS sensor
or the inductive coil. Therefore, further investigation into the coating procedure and encapsulation
of the implant is required in future studies to ensure that the implant can stay functional for the
targeted lifetime.
At the end of the animal study, two additional sensors were used to perform the sensitivity test.
The data recorded in the sensitivity test were compared with the data recorded by the commercial
ICP monitor. A comparison between the data obtained from the sensors in the sensitivity test and
data  recorded  by  the  ICP  monitor  confirms  the  proper  performance  of  the  ICP  implants.  The
observations from the animal study are promising, suggesting that after further development, the
proposed ICP system can potentially be utilized in real-life biomedical applications.
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6 Conclusion
Wireless measurement of physiological parameters in challenging locations of the human body
may require implantable devices to perform the measurement. In this doctoral research, a
complete wireless solution for ICP monitoring was proposed. The proposed system consists of a
battery-less implant, a hand-held reader device and dedicated PC software for real-time ICP
monitoring.
The inductive LC-based sensors benefit from simplicity in design and analysis of sensor  behavior.
This type of sensor is also cost-efficient and easy to fabricate. However, there are challenges
associated with this method. The read range of this type of sensor is highly dependent on the
strength of the inductive link between the implant and the external reader. Moreover, when
implanted, the long-term drift of the sensor is a major source of measurement error. In this
research, a novel approach to tackle this issue was proposed and implemented. To mitigate the
impact of the drift-related error, an auxiliary resonator with a fixed resonance frequency was used
as a reference point for ICP readout. This approach works based on the equal impact of the drift
on both resonators and makes it possible to distinguish between the drift-related and pressure-
dependent frequency shift.
The proposed reader is a stand-alone device for communication with the ICP implant. The reader
device utilizes two separate channels for simultaneous excitation of the sensor and receiving the
signal from the implant. The concurrent transmission and receive operation is performed through
the dual-port planar antenna. The proposed planar antenna benefits from an innovative topology,
which provides T/R isolation with a planar geometry. The planar geometry of the antenna allows
for wearable implementation of the antenna. The same platform with minor customization can be
used for any other LC-based sensors whose operation principle is based on the inductive coupling.
The in vivo performance of the sensor was tested on a canine model and the measurement data
obtained from the passive ICP sensor was compared with the data recorded from a commercial
ICP monitor. The findings from the in vivo study proved the concepts of biotelemetry ICP
measurement through inductive link, suggesting that the proposed system can potentially be used
for early detection of elevated ICP in patients with TBI, hydrocephalus and chronic intracranial
hypertension. In addition, the proposed device can be used alongside a ventricular shunt for
continuous monitoring of its performance.
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 Future direction
Although the LC-based sensors provide fully passive operation and continuous in vivo
measurement of physiological parameters, the feasibility of wireless operation is highly
dependent on the depth of implantation. In order to be able to detect the miniature sensors in
deeper locations of the human body, the range of the wireless operation should be extended. To
achieve  this  goal,  the  quality  factor  of  the  sensor  and  the  geometric  properties  of  the  reader
antenna need to be optimized for each specific application. Moreover, as mentioned previously,
the sensitivity of the pressure measurement depends on the operation frequency of the LC sensor,
meaning that higher sensitivity can be achieved by increasing the resonance frequency of the
sensor. However, the commercial MEMS sensor used in this study shows significant lossy
behavior at higher frequencies. This degrades the quality factor of the resonator and imposes low
operation frequency. Therefore, in order to increase the read range and sensitivity, an improved
capacitive MEMS pressure sensor (with minimized loss) needs to be designed and customized for
this specific application. Moreover, further investigation may be directed at the coating material
and sealing procedure to ensure that the implant remains functional for the targeted lifetime.
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